Similar to other therapeutic methods, ultrasound surgery requires an imaging modality to monitor the extent of tissue damage during treatment. In this paper, we have considered the method of ultrasound-stimulated acoustic emission (USAE) that uses two ultrasonic beams at high frequency (1.7 MHz) (same as that used for ablation) to locally excite the tissue by generating a low-frequency (1-50 kHz) radiation force. Recording of the tissue response at several locations yields an image. The amplitude of the tissue response depends on the mechanical and acoustic tissue properties, namely its stiffness and absorption. These two properties were initially hypothesized to have counteractive effects on the response amplitude, i.e., the amplitude should increase with absorption and decrease with stiffness. To check this hypothesis as well as the degree to which these properties influence the response, finite-element simulations of a uniform lesion formed inside a homogeneous medium were used. The results show that, as expected, the displacement amplitude decreased with increasing lesion stiffness at lower frequencies (except at resonance) while, contrary to our initial hypothesis, it increased with stiffness at relatively higher frequencies (>22 kHz). At resonance, a frequency upshift occurred with increasing stiffness but was found to be highly spatially variant and system dependent, i.e., not yielding a uniform lesion response when imaged. On the other hand, the absorption increase led to a uniform linear increase of the mechanical response amplitude of the lesion. Therefore, at higher frequencies, increase of the two parameters had a synergistic effect on the tissue response to the applied radiation force. This study showed that relatively higher frequencies constitute the optimal range in the use of USAE for coagulation monitoring. A preliminary experimental verification in vitro is also provided.
Introduction
Focused ultrasound (FUS) has been used in several applications involving non-invasive tissue ablative treatment. Among these techniques are the ultrasound method used to produce coagulation necrosis (Fry and Fry 1954) and hyperthermia (Lele 1975) . One of the biggest challenges in FUS treatment remains the on-line monitoring of the location and extent of tissue damage. This has been attempted via the use of several imaging modalities available. Among these are CT scanning (Lele and Goddard 1987) , diagnostic ultrasound (Seip and Ebbini 1995) and MRI (Hynynen et al 1992 , McDannold et al 1998 . Diagnostic ultrasound has been repeatedly investigated in the literature as a more economical and practical alternative to MRI. Unfortunately, the findings have not been as encouraging. Although several investigators have shown an increase of ultrasonic backscatter (Ter Haar et al 1989 , Bush et al 1993 and attenuation (Bush et al 1993 , Ribault et al 1998 with coagulation, apart from the low resolution provided, the results have not been repeatable enough to be applied to monitoring FUS surgery in clinical treatments.
During the past decade, however, diagnostic ultrasound has steered away from imaging solely the acoustic properties of tissues and has included the estimation of mechanical properties with the advent of sonoelasticity imaging (Parker et al 1990) and elastography (Ophir et al 1991) . Based on the principle of palpation, the main application of elastography is the differentiation of benign from malignant tissues in vitro and in vivo (Céspedes et al 1993 , Garra et al 1997 , Konofagou and Ophir 1998 given that the difference in their elastic moduli can be up to two orders of magnitude (Krouskop et al 1998) . More recently, given that tissue coagulation has been associated with a change in the tissue stiffness (Van Kleef et al 1978 , Chen and Humphrey 1998 , Wu et al 1999 , elastography has been applied in the detection and monitoring of laser and ultrasound lesions (Stafford et al 1998 , Doyley et al 1999 , Shi et al 1999 . Magnetic resonance elastography (Muthupullai et al 1995) has also been shown to image the shear modulus and detect FUS lesions (Wu et al 1999) . Unlike the small and non-reproducible acoustic contrast between coagulated and surrounding tissue, the mechanical contrast was found to be up to one order of magnitude (Shi et al 1999) . Therefore, elasticity imaging techniques may be more reliable in the detection and characterization of ultrasound lesions than diagnostic ultrasound.
The main disadvantage of the aforementioned techniques is that they require an additional imaging system to be used together with the FUS treatment. Another drawback may be their use of an externally applied mechanical stimulus. For cases where tissue can be externally accessible, such as breast and prostate, this does not pose a significant problem. However, in cases of externally inaccessible organs, such as the brain and the liver, the application of these techniques still remains to be shown. Also, combination and/or synchronization with the therapy applicator may be more difficult. Lastly, the application of the external stimulus causes complex three-dimensional motion of the whole target and can thus cause the lesion to move in such an arbitrary way that the reference is lost.
To overcome the shortcomings of an external excitation, the remote application of the mechanical stimulus has been of particular interest in the last few years (Sugimoto et al 1990 , Fatemi and Greenleaf 1998 , Nightingale et al 1999 , Walker 1999 . In this study, we concentrate on the recently reported method of ultrasound-stimulated acoustic emission (USAE) that utilizes two FUS beams of frequencies 1-2 MHz and a difference frequency of tens of kilohertz to generate a localized vibration in tissues (Fatemi and Greenleaf 1998) . The tissue is then forced to vibrate and produces an acoustic emission at the same frequency as the difference frequency, which is detected by a hydrophone. Karjalainen et al (1999) recently proposed to use this technique in conjunction with FUS ablation for both monitoring and generating tissue damage, thus providing the additional advantage over other remote excitation methods of using a single system for both detecting and causing ablation. The method works as follows. Before ablation, the tissue amplitude of USAE is recorded and imaged by using both transducers driven at slightly different frequencies (figure 1). The same system operating with both transducers at zero difference frequency and at higher power is used for ablating the tissue. After ablation, the tissue USAE amplitude is again measured to detect the resulting tissue damage. In the appendix, the counteractive effects of absorption and stiffness are discussed in the case of the simplest model of vibration involving a single uniform object oscillating in 1D. In the case of a soft tissue, however, the radiation force forces the tissue to vibrate in three dimensions and, since the method is aimed towards the detection of lesions, the tissue is usually modelled to consist of at least two materials of distinct stiffness. To our knowledge, no analytic solution exists that can be used in such an inhomogeneous case; instead, we use finite-element simulations to predict tissue experiments, as described in section 2.1. The numerical model is used to investigate the tissue response as a function of frequency when the tissue stiffness and absorption are varied in order to simulate changes induced by thermal coagulation. The aim is to gain an understanding regarding the complicated frequency spectrum as well as to identify the optimal frequency range for detecting tissue coagulation. Finally, an in vitro experiment is used to corroborate the simulation results.
Methods

Finite-element simulations
2.1.1. Axisymmetric model. In the symmetric 3D case, the tissue is modelled on ALGOR 1 by a triangular 2D finite-element grid of size 40 × 40 mm 2 containing an ellipsoidal lesion of a certain size (from 2 to 12 mm) and stiffness (from 12 to 120 kPa) (figure 2). We note here that this grid size was chosen to fit the liver tissue samples used in the in vitro study (Karjalainen et al 1999). However, grid sizes of twice this size were also investigated and the overall behaviour of the results shown is similar in both the cases. The total number of nodes and elements is 244 and 426, respectively. The average distance between adjacent nodes is 1.2 mm. In all the cases investigated, the lesion was embedded in a homogeneous background of fixed stiffness (Young's modulus), equal to 12 kPa, which is within the typical modulus range for normal soft tissues (Krouskop et al 1998) . To simulate a soft tissue, the Poisson's ratio is equal to 0.499 and the density is equal to 1000 kg m . The model is axisymmetric so as to take advantage of the inherent symmetry of the problem, i.e., the beam is assumed to excite the tissue on its symmetry axis and in the middle of the lesion (figure 2). The displacement is also calculated at the same node by solving the differential equation (12) in the appendix. All boundaries of the tissue volume are fixed. The parameters to be investigated are the lesion size and stiffness as well as the frequency range where the method performs optimally. The sampling frequency of the sinusoid is 250 kHz with the highest frequency investigated at 50 kHz. The spectral resolution is 20 Hz for frequencies lower than 1 kHz, and 50 Hz for frequencies higher than 1 kHz. The vibration is applied in the z-direction for 10 ms in order to simulate what is typically used in the experimental setting (Karjalainen et al 1999) . The resulting displacement of this node in the z-direction is only considered given that the responses from the neighbouring nodes (or the responses in other directions) are comparatively smaller (figure 3). No damping is considered (i.e. the damping matrix in equation (12) is zero). According to equations (11) and (14) the amplitude of the displacement will indicate changes in stiffness and/or absorption. In order to measure the amplitude of the response at the frequency being excited, we chose to calculate the power spectrum that allowed us to carefully calculate the amplitude corresponding to the excitation frequency (equation (16)). The maximum amplitude of the power spectrum is the parameter estimated and imaged in all subsequent results. All images display the amplitude of the resulting displacement normalized by the applied displacement.
• Stiffness effect-frequency dependence. First, the more complicated effect of stiffness on the tissue response was studied. Ablated tissue stiffness was varied between 1 and 10 times the stiffness of non-ablated (or normal) tissue. This covers roughly the range Sinusoidal z-displacement of 1.1 kHz from the middle of the lesion for a lesion-to-background stiffness ratio equal to 1 (top curve) and equal to 10 (second curve) and sinusoidal y-displacement in the middle of the lesion for a lesion-to-background stiffness ratio equal to 1 (third curve) and equal to 10 (fourth curve). The lesion size was 4 mm. observed experimentally by other authors at both low and high temperatures (Shi et al 1999 , Wu et al 1999 . The stiffness (Young's modulus) of the surrounding (normal) tissue was selected equal to 12 kPa (Krouskop et al 1998) .
• Absorption effect. Since the transducer elements are always operating at the same frequency of 1.7 MHz (Karjalainen et al 1999) , the absorption coefficient stays constant with the excitation frequency. The absorption coefficient has been shown to increase up to threefold due to ablation (Bush et al 1993) . To simulate ablation, the absorption was increased by threefold.
• Combined stiffness and absorption effects. The stiffness and absorption effects were assumed independent. We consider the six lesion-to-background stiffness ratios (1, 2, 4, 6 and 10-to-1) and the highest absorption ratio (3-to-1) as reported in the literature.
• Size effect. Five sizes of the coagulated tissue equal to 2, 4, 6.6, 9 and 12 mm and their effects on the frequency shift in the range of 1 to 7.5 kHz for the lesion-to-background stiffness ratios of 1, 2 and 10 were studied. This range was chosen since the shift was found to be more predominant in the lower kilohertz range.
Non-symmetric model.
In the non-symmetric 3D case the radiation force is no longer applied only along the symmetry axis of the model. Instead, in order to create an image of the response in a plane of the three-dimensional target, the radiation force is applied on all the nodes in this plane in a sequential manner. The target is modelled as a 3D cube of size 40 × 40 × 40 mm 3 with plate elements of 1 mm width. The lesion is of quasi-ellipsoidal shape with its largest dimension equal to 7 mm, located in the middle of the object, and of ten times higher stiffness than the surrounding tissue (E = 12 kPa). The model consists of 2440 nodes and 4260 elements. All other parameters are identical to those used in the axisymmetric model. In this case, the results of section 2.1.1 were used to create an image of the lesion, mainly to illustrate the stiffness versus absorption trade-offs and the resonance dependence on boundary conditions. Therefore, three different excitation frequency cases were studied: (a) at 3 kHz, where the lesion response decreased with stiffness, (b) at resonance, i.e., at 5.9 kHz and (c) at 36 kHz, where the lesion response increased with stiffness. All the cases are considered with and without a 3-to-1 absorption increase. To create an image, each node in the plane of interest is excited, each response is estimated at every node in the same fashion as in the axisymmetric case and an amplitude image of all of the responses is generated. All the images display the amplitude of the resulting displacement normalized by the applied displacement.
In vitro experiment
Sample preparations.
A fresh calf porcine liver tissue sample is excised from a euthanized animal (pig) and immediately immersed in 0.9% saline. The approximate dimension of the liver sample is 10 × 5 × 10 cm 3 (l × w × h). The sample is mounted on a plexiglas holder and is positioned in the focal plane of the transducer inside a degassed water tank and experiments are completed within 2 h of euthanization.
Experimental system.
Two ultrasound beams with two slightly different frequencies are generated by two transducer elements. A single circular PZT-4 polycrystal with a diameter of 100 mm and focal distance of 80 mm is divided into these two elements by cutting the bowl into two halves such that the areas of both the elements are the same. The electrical impedance of each of the transducer elements is matched to 50 near the resonance frequency of the crystal of 1.62 MHz using a simple inductor-capacitor circuitry. The driving radio frequency (RF) signals are obtained from two function generators (DS 345; Stanford Research Systems, Sunnyvale, CA) controlled by a personal computer (PC) via an IEEE-488 communication line. Two RF amplifiers are used (3100L and A150; Electronic Navigation Industry, Rochester, NY) to drive each piezoelectric crystal element. Each amplifier was modulated by a frequency generator (DS345; Stanford Research Systems, Sunnyvale, CA). The acoustic power is calibrated by using a radiation force technique on an absorbing target and these measurements were used to obtain equal acoustic power from both transducers. The transducer is mounted on a 3D positioning system (Unislides; Velmex Inc, Bloomfield, NY) and immersed in a tank of degassed water. A 3D controller (VP 9000; Velmex Inc, Bloomfield, NY) for the positioning system is connected to the PC via a RS-232 line. The low-frequency USAE signal is detected by a hydrophone (AQ-18; Benthos Inc, North Falmouth, MA) that is positioned in the water tank between the transducer and the sample (figure 1). A chirp signal in the range of 1 to 50 kHz is used to locally excite the tissue at the acoustical power of 6.6 W. The signal received from the hydrophone is bandpass filtered in the range from 1 to 65 kHz using a differential amplifier (1820; Preamble Instruments, Beaverton, OR) and the resulting signal is acquired using a digital oscilloscope (2431 L; Tektronix, Wilsonville, OR). The data is then transferred via an IEEE-488 communication BUS to a PC that also controlled the signal generators and the positioning system. The spectrum is estimated using a 2500-point FFT and filtered using a 10-point moving average. Low frequency spectrum at stiffness ratios of 1 (solid curve), 2 (dashed curve) and 10 (dashed curve). Note that beyond a value of 14 kHz in this example, no resonance effects occurs and that beyond 22 kHz the response increases with stiffness. Figure 4 summarizes the results in three lesionto-background stiffness ratio cases, i.e., 1, 2 and 10 corresponding to no, small and large stiffness changes following coagulation, respectively. There is no pure upshift of the spectrum due to stiffness, and the amplitude does not predictably decrease with stiffness given that the former is strongly dependent on the resonance frequencies. However, an average shift in resonance frequency can be detected, due to stiffness, especially at the lower lesion-to-background stiffness ratios and at relatively lower frequencies, i.e., up to 15 kHz. The behaviour is much different at higher frequencies. Resonance does not seem to occur in the higher frequency range. In fact, the vibration amplitude increases with the stiffness ratio. This result is further discussed below in step 3. 2. Absorption effect. Figure 5 depicts the effect of absorption increase by threefold at two different stiffness ratios of 1 (figure 5(a)) and 10 (figure 5(b)) in a 4 mm lesion. In both the cases, the absorption change caused a uniform increase in the tissue response amplitude. Note that at higher frequencies the stiffness (figure 4) and absorption effects (figure 5) are synergistic; hence, solely the frequencies higher than 30 kHz are discussed in step 3. 3. Combined stiffness and absorption effects. Figure 6(a) shows the stiffness effect (solid curves) and combined stiffness and absorption effects (dotted curves) at higher frequencies (>30 kHz) for six different stiffness ratios, as indicated. A line scan was produced along the symmetry axis of the model (figure 2); at 36 kHz we produce line scans on the symmetry axis of the model. The lesion was clearly detectable at all stiffness ratios and the synergistic effects of stiffness and absorption could be observed ( figure 6(b) ). 4. Size effect. Figure 7 shows two examples of distinct lesion sizes with figures 7(a) and (b) depicting the maximum amplitude spectra corresponding to a 4 mm and a 9 mm inclusion, respectively, in the range of 1 to 7.5 kHz for the stiffness ratios of 1, 2 and 10. Despite the fact that the effect is not straightforward, in the range from 1 to 2 kHz, an average shift of the maxima of the spectra at each stiffness ratio can be detected. In fact, the average resonance upshift increases with size. As a result, both stiffness and size effects yield an upshift in the resonance frequency, especially in the range of 1 to 5 kHz. The two effects are combined in figure 8 for six different lesion sizes ranging from 2 to 12 mm. Figure 9 shows the images obtained with 3 kHz under the following conditions: (a) no lesion, (b) lesion with three times higher absorption, (c) lesion with ten times higher stiffness than the surrounding tissue and (d) lesion with three times higher absorption and ten times higher stiffness than the surrounding tissue. Figure 10 shows the images close to resonance without (figure 10(a)) and with (figure 10(b)) a threefold lesion absorption increase. Figure 11 shows the images at 36 kHz without (figure 11(a)) and with ( figure 11(b) ) a threefold lesion absorption increase.
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Figure 12(a) shows a frequency scan from the centre of the lesion in figure 12 (b) before and after the lesion formation. It spans a range from 1 to 50 kHz. In a similar fashion to figure 4, in the case of a 10:1 lesion-to-background ratio, the curves before and after coagulation cross over at around 36 kHz. The frequency scan after coagulation then stays higher than that before coagulation confirming the simulation results and demonstrating once more that at higher frequencies the detection of coagulation can be frequency independent. As mentioned earlier, this may indirectly show the stiffness of the lesion. This result has been confirmed in the case of other lesions as well. The response at higher frequencies is higher than that in simulations possibly because the experimental response is weighed by the impulse response of the hydrophone, not accounted for in the simulations.
Discussion
A mechanical tissue vibration caused by the radiation force of an acoustic field results in an acoustical tissue response that depends on the local stiffness and absorption of the tissue. In a simplified model, the stiffness and absorption were shown to have opposite effects on the response amplitude. In this paper, using finite-element simulations, we considered the mechanical excitation of a lesion embedded in a homogeneous background. Depending on the frequency of excitation, an increase in stiffness causes a decrease in the amplitude at lower frequencies, an average, but not pure, upshift in the frequency at resonance and an increase in the amplitude at higher frequencies. Absorption increase causes a linear increase of the tissue response at all frequencies. Therefore, at the frequency of 3 kHz the effects of absorption and stiffness are counteractive and the lesion contrast is reduced due to higher absorption. At resonance and at higher frequencies, the effects of stiffness and absorption increase are synergistic, i.e., higher absorption further increases the lesion contrast due to the stiffness increase. However, in the resonance case, the response of the lesion is not uniform given the distinct physical characteristics for each node. In conclusion, in order to obtain a uniform lesion response at high imaging contrast (i.e. with a synergistic effect of stiffness (a) (b) Figure 11 . Images of a 9 mm lesion with a stiffness ratio of 10 at 36 kHz (a) without and (b) with a 3-to-1 absorption increase.
and absorption), higher frequencies (outside the 'resonance region') should be utilized. This result was also shown corroborated with experimental findings. The trade-off of using high frequency lies in the relatively smaller amplitude of the motion resulting from the radiation force and thus in the reduced signal intensity of the image. The simulation study was simplified to better understand the mechanisms involved in USAE. Two tissue properties were studied in a highly idealistic manner, and the real size and distribution of the stimulating ultrasound beam were not considered. However, the current simulation results can be used to guide ex vivo (Karjalainen et al 1999) and in vivo experiments. Furthermore, along with the preliminary experimental verification, the results presented further demonstrate that the application of USAE for tissue coagulation monitoring and detection, although complex, is fundamentally possible.
The use of the USAE method for ultrasound therapy monitoring is only one of its several potential medical applications. Due to its sensibility to stiffness, it could be potentially used in the detection of tumours, since tumours have been shown to have mechanical properties that are distinct from normal tissues. An important application of this method is for synchronous tumour detection and ablation with focused ultrasound. Some potential drawbacks include the fact that the higher frequency range, where the response is optimal, may differ for different tissues, dependent on their size, physical characteristics, boundary conditions, etc. An extensive experimental verification of the methods is currently under investigation and is expected to determine how significant these drawbacks may be in an experimental setting. Should these drawbacks be overcome or proven not to be an issue, the described system constitutes an important practical method for ultrasound treatment monitoring. and g 2 (f 2 ) = g 2 cos(2πf 2 t + φ 2 ) (2) where g 1 (f 1 ) and g 2 (f 2 ) are the waveforms emitted by the two transducer elements at frequencies f 1 and f 2 with amplitudes g 1 and g 2 and phases φ 1 and φ 2 , respectively. The average energy locally deposited on the object at the focus is (4) and
where τ is the integral-time variable and T is the period of averaging the energy deposited.
Given that in the case of USAE, f 1 − f 2 f 1 or f 2 , we choose a period such that (Fatemi and Greeleaf 1998) , B in equation (5) and the second term in equation (3) are each equal to zero. Equation (3) then becomes
so that
. Equation (7) clearly shows that the average energy deposited follows a sinusoidal variation with a frequency equal to the difference frequency of the two resonating transducer materials. A similar result has been reported by Fatemi and Greenleaf (1998) .
The resulting radiation force F applied to the tissue is given by (Torr 1984 )
where α is the absorption coefficient of the tissue sonicated, c is the speed of sound in the tissue and I is the average intensity of the incident beam. The average intensity is related to the average energy in equation (7) through
where S is the cross-sectional area of the beam (or intersection area of the two beams, figure 1) , and, after substitution, equation (8) (while assuming that the two beams are in phase, i.e. φ 1 = φ 2 ) becomes F = F 0 sin(2π(f 2 − f 1 )t)
where
Equations (10) and (11) are essential in this study. They show how the application of two beams with an intersection area S locally forces the tissue to vibrate sinusoidally at a frequency equal to the difference between the frequencies of the incident beams (figure 1). The amplitude of the resulting radiation force also depends both on the amplitudes of the two beams and on the absorption coefficient of the tissue. This is particularly important in the area of ultrasound ablation, where the absorption coefficient is known to increase with temperature and coagulation Johnson 1978, Bush et al 1993) .
The harmonic radiation force results in the harmonic displacement of the tissue, which is found through the solution of the following equilibrium equation in a linear time-invariant system (Rao 1995) :
where m, d and k are, respectively, the mass, damping and stiffness matrices of the system and x is the displacement, given by the steady-state solution of equation (12),
where f 0 = f 2 − f 1 and X 0 is the amplitude of vibration equal to (Rao 1995 )
Resonance is reached when the excitation frequency equals the resonance frequency of the tissue f R given by
From equations (11), (13), (14) and (15) the following conclusions are drawn:
• The amplitude of the sinusoidal displacement resulting from the application of the radiation force depends on both stiffness and absorption of the tissue, with the two variables having counteractive effects.
• While the displacement amplitude rises linearly with absorption (equations (11) and (14)), the stiffness causes a frequency-dependent non-linear effect (equation (14)).
• The resonance frequency depends solely on the stiffness of the tissue and not on the absorption (equation (15)). A resonance frequency shift will, therefore, occur if the stiffness of the material changes (Fatemi and Greenleaf 1999) .
Since the amplitude of the response depends on the mechanical and acoustic properties to be estimated, it is also the parameter estimated with USAE. In this paper, the parameter is estimated using the power spectrum. From equation (13) the power spectrum of the harmonic displacement is given by (Lathi 1989, p 107 )
so that its maximum amplitude will indicate the amplitude of the response of the displacement and its location will indicate the frequency of vibration.
